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ABSTRACT
Visualizing and characterizing atherosclerotic plaques is important in determining the
vulnerability of a plaque to rupture. To evaluate rupture risk, several compositional
factors should be evaluated, including inflammation, the presence and size of lipid
pools, thickness of the fibrous cap, and calcification. Currently, a need exists for an
imaging modality that can detect each of these factors in a safe, noninvasive manner
with high resolution and contrast at clinically relevant depths. Photoacoustic imaging
is a growing field that has the potential to improve plaque diagnosis. Spectroscopic
methods have shown promise toward detection of constituents of plaque with unique
optical absorption spectra, such as lipids; however, detection of molecules with in-
distinct spectra, such as calcium, is not readily achieved using this approach. The
acoustic properties of calcium, in contrast, are different than soft tissue, which causes
calcification to scatter acoustic waves.
In this work, a method of evaluating both spectroscopic and acoustic proper-
ties of vascular structures is presented by combining photoacoustic (PA) and laser-
ultrasound (LU) techniques. These methods could inform treatment decisions and
improve patient outcomes by detecting the smallest plaque and calcification deposits
in the early stages of disease. When the disease has progressed to a later stage, such
that surgical intervention is required, PA and LU imaging could inform surgical de-
cisions to ensure that appropriate precautions are taken and the least-risk procedure
is chosen.
Experiments on tissue phantoms were conducted with healthy and diseased artery
surrogates embedded. All imaging was accomplished using noncontact, noninvasive
vii
PA and LU imaging. Through implementation of geophysical image processing tech-
niques, improved image resolution and a method of comparing contrast among op-
tical absorbers and acoustic scatterers was demonstrated. Absorbing structures on
the order of 1.5 mm were clearly identified, and acoustic scattering by stiff structures
with a wall thickness of 233.5 µm was detected at a depth of 18 mm. The results
demonstrate that dual photoacoustic and laser-ultrasound imaging has the potential
to characterize multiple constituents of atherosclerotic plaque in a safe, noninvasive
manner.
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1CHAPTER 1:
THE PROBLEM OF ATHEROSCLEROSIS
The most common cause of death and disabilities globally is cardiovascular disease,
accounting for around 17 million deaths each year (Mendis et al., 2011). A majority
of cardiovascular events, such as myocardial infarction and cerebrovascular events, are
a result of atherosclerosis, a progressive disease of the blood vessels (Mendis et al.,
2011; Wang, 2009; Wexler et al., 1996).
Atherosclerosis is characterized by a buildup of plaque on the inside surface of
the arteries, which can cause vessels to become irregularly shaped, narrow, stiff, and
difficult for blood to flow through. If these deposits rupture, thrombosis and occlu-
sion may occur, leading to vascular events such as heart attack and stroke (Wexler
et al., 1996; Wang, 2009; Mendis et al., 2011; Rhoades and Pflanzer, 2003). If a clot
completely occludes the coronary artery, the heart muscle may die due to insufficient
oxygenation (Richards-Kortum, 2010). If a plaque ruptures in the brain, a stroke
may follow. It is suspected that plaque rupture is the cause of 60% or more of deaths
in patients with sudden coronary death and thrombosis (Burke et al., 1997; Naghavi
et al., 2003). Diseases of the aorta and arteries, including hypertension and peripheral
vascular disease, are also often due to atherosclerosis (Mendis et al., 2011). Substan-
tial disability can result from peripheral vascular diseases, and the severity of the
disease is closely associated with increased risk of death from vascular causes (Alnaeb
et al., 2007).
The composition of plaque is important in identifying deposits that are vulnerable
2(a) (b) (c)
Figure 1.1: Three types of plaque that may cause cardiovascular events. (a) Plaque
that is rupture-prone, with a large lipid core and thin fibrous cap, infiltrated by
macrophages. (b) Plaque with calcified nodule protruding into the vessel lumen. (c)
Chronically stenotic plaque with an eccentric lumen, old thrombus, and extensive
calcification. (Naghavi et al. (2003); From Vulnerable Plaque to Vulnerable Patient:
A Call for New Definitions and Risk Assessment Strategies: Part I. Circulation, 108,
1664-1672). Reproduced with permission.
to rupture and to making treatment and intervention decisions accordingly. Several
criteria should be considered when making a diagnosis, including the presence and
size of lipid pools, thickness of the fibrous cap (connective tissue covering the lipid
core), inflammation, and calcification, Figure 1.1 (Virmani et al., 2000; Sethuraman
et al., 2005). Each of these factors will be discussed in further depth below.
1.1 Molecular Composition Factors
Several molecular factors contribute to plaque vulnerability, such as active inflam-
mation and the presence of a thin fibrous cap with a large necrotic core (Naghavi
et al., 2003). Vulnerable necrotic cores generally consist of lipids, dead cells, and
calcification (Fok, 2012). Large lipid cores that account for >40% of a plaque’s total
volume with a cap thickness < 100 µm are believed to contribute to atherosclerotic
3plaque vulnerability (Kolodgie et al., 2001).
The extent of inflammation and presence of macrophages near plaque deposits has
also been related to plaque vulnerability (Pasterkamp et al., 1999). In the beginning
stages of atherosclerosis and coronary artery disease, a large amount of immune cells
stimulate inflammation, encouraging the growth of lesions (Hansson, 2005). Addition-
ally, the overall geometry of the atherosclerotic vessel may contribute to an increased
risk of plaque rupture (Pasterkamp et al., 1999).
With early detection, cost-effective pharmaceutical interventions and lifestyle mod-
ifications can help prevent the formation of dangerous atherosclerotic plaque (Mendis
et al., 2011; Hiratzka et al., 2007). At later stages, a surgical intervention is often
required. In many cases, a catheter intervention such as balloon angioplasty is suffi-
cient, however, when plaque vulnerability or narrowing reaches a more severe stage,
bypass surgery may be required (Roger et al., 2011).
1.2 Calcification
The extent of calcification is an important factor in diagnosing and assessing cardio-
vascular disease. Atherosclerotic calcification is thought to be an active, organized,
and regulated process that is similar to bone formation (Wexler et al., 1996). The
precise relationship of calcification to plaque rupture is unknown, however, the im-
pact on plaque rupture may vary depending on the extent of calcification. If extensive
calcification is present, rupture might be less likely (Schuijf et al., 2007), but in earlier
stages, plaque vulnerability may be enhanced due to increased stress at the interface
of calcified and non-calcified atherosclerotic sections (Wexler et al., 1996; Richard-
son et al., 1989). Atherosclerotic calcification generally begins in the second or third
4decade of life (Wexler et al., 1996). However, active vascular calcification in the
coronary-arteries in pediatric and hemodialysis patients ranging from 19-39 years of
age is increasing (Raggi and Bellasi, 2007).
In a study of patients who died from sudden coronary death, all hearts showed
some calcification by age 50 in men and women. For men and women younger than 40
years old, 55% showed some calcification (Burke et al., 2000). The presence of coro-
nary artery calcification has been shown to be an excellent predictor of the presence
of atherosclerotic plaque, yet the absence of calcification does not necessarily rule out
the presence of atherosclerotic plaque. Severe lumen obstruction is also improbable
when coronary artery calcification is not present (Sangiorgi et al., 1998).
Calcification is an important variable to consider for many additional cardiovas-
cular conditions. Certain biomaterials, such as polytetrafluorethylene, are known to
encourage calcification when implanted in the body. When calcium deposits accumu-
late in surgically implanted grafts, a loss of flexibility can lead to mechanical failure
and degradation (Hayabuchi et al., 2007). Degeneration and leaflet tearing are also
concerns for calcified bioprosthetic heart valves (Jorge-Herrero et al., 2010). Regard-
less of the cause, aortic valve calcification may be an independent predictor of future
cardiovascular events (Gondrie et al., 2010). In addition, lesions with calcification
are generally associated with a lower success rate and increased complications for
stenting procedures (Moussa et al., 1997), and calcification left untreated after proce-
dures such as coronary bypass surgery can lead to irreversible damage from stenosis
(Holmgren et al., 2012).
If detected prior to surgery, precautionary measures can be taken to reduce the
risk of complications due to calcification for catheter interventions. This may involve
5rotational atherotomy to cut away a portion of the deposit (Moussa et al., 1997) or
opting for a different surgical treatment. Rotational atherotomy can also be used to
increase blood flow in arteries with vulnerable, calcified plaque. In contrast to the
response of components such as lipids to pharmaceutical therapies, patients with large
amounts of calcification are less likely to undergo changes in the extent of plaque in
response to established cardiovascular risk-targeting medical therapies (Nicholls et al.,
2007).
Hemodialysis patients and breast cancer patients also have increased risks from
calcification. Mitral and aortic valve calcification has shown to increase the risk of
mortality for hemodialysis patients (Raggi et al., 2011). Adverse outcomes are also
associated with a higher prevalence of calcification in hemodialysis patients than pa-
tients with normal kidney function (Raggi and Bellasi, 2007). A recent study of
routine mammography screenings concluded that women with mammographic vascu-
lar calcifications are at significantly higher risk for peripheral vascular disease (Dale
et al., 2006). In addition, the presence of calcification in women with breast cancer
has shown to be a predictor of subsequent breast cancer (Thomas et al., 2002, 1993).
1.3 Current Plaque Imaging Techniques
Currently, no clinical imaging modality has the ability to provide a comprehensive
characterization of vulnerable atherosclerotic plaques. Molecular, functional, and
mechanical information are important for a complete understanding of an atheroscle-
rotic lesion. Modalities such as computed tomography (CT), angiography, magnetic
resonance imaging (MRI), ultrasonography, fluoroscopy, and optical coherence to-
mography (OCT) have capabilities to detect specific components of atherosclerotic
6plaque, yet each has limitations to full plaque characterization and widespread use.
1.3.1 Molecular and Functional Imaging Modalities
Several imaging modalities can detect certain molecular and functional characteristics
of vulnerable plaque described in Section 1.1. These include OCT, intravascular ultra-
sound (IVUS), angiography, elastogrophy, MRI, and spectroscopic methods (Naghavi
et al., 2003). Coronary angiography is often used to image arteries and evaluate if
there are blockages. X-ray absorbing contrast dyes are injected into the arteries, al-
lowing for high-contrast videos of blood flow to be obtained (Richards-Kortum, 2010).
While general structure and artery size can be visualized with high-contrast, charac-
terization of atherosclerotic lesions is not clear, nor recommended with angiography
(Baumgart et al., 1997).
Magnetic resonance imaging is one of the most reliable imaging modalities for
assessing the composition of plaques, with the ability to image at the cellular and
molecular level (Briley-Saebo et al., 2007; Grimm et al., 2012). MRI measures the
interaction between hydrogen atoms in tissue water and magnetic fields from 0.5-2
Tesla (Richards-Kortum, 2010). In particular, imaging of lipid cores and intraplaque
hemorrhage may benefit from multi-contrast MRI imaging for large arteries (Briley-
Saebo et al., 2007). Submillimeter resolution, 3D images of the arterial wall, and
high soft tissue contrast are obtainable with MRI, however high cost, low signal-to-
noise ratio, and motion artifact limit the widespread use of MRI for plaque screening
(Richards-Kortum, 2010; Briley-Saebo et al., 2007; Saam et al., 2007).
Vibrational spectroscopic methods, such as Fourier transform infrared spectroscopy
(FTIR) and Raman spectroscopy, provide a large amount of information about tissue
7morphology and composition (Lattermann et al., 2013). Recently, cholesterol ester,
cholesterol, tripalmitin (a triglyceride), and collagen were identified using Raman
and FTIR imaging of an atherosclerotic rabbit artery ex vivo. While biochemical
and molecular information can be accurately obtained using these techniques, depth
penetration is a constraint, which limits these methods to intravascular applications
(Lattermann et al., 2013).
Invasive OCT methods can image plaque volumes with resolutions of 10-20 µm,
however significant time must be allocated for manual image segmentation and quan-
tification (Wang et al., 2010). This drawback, along with the need to invasively enter
the artery, limits the use of OCT for widespread atherosclerosis risk assessment and
screening.
1.3.2 Calcification Imaging Modalities
Several imaging modalities have the potential to detect calcification, including fluo-
roscopy, several CT modalities, IVUS, MRI, coronary angiography, and echocardio-
graphy. Most commonly, however, CT and fluoroscopy methods are used to detect
deposits initially, with invasive measures such as IVUS used to view and evaluate
specific deposits before surgical intervention (Wexler et al., 1996).
Qualitative information regarding vascular calcification is often obtained using
plain radiograpahy or ultrasonography (Raggi and Bellasi, 2007). For genitourinary
and mitral valve leaflet calcification detection, X-ray computed tomography is com-
monly used, with ultrasonography or echocardiography used as a secondary measure
(Taki et al., 2012). Noninvasive echocardiography, an ultrasound modality, is con-
sidered the gold standard for cardiac-valve morphology characterization (Raggi and
8Bellasi, 2007).
Computed tomography involves scanning an area from multiple directions within
the same plane to obtain X-ray transmission data (Webster, 1998). X-ray penetration
is significantly attenuated by calcium, which causes “blooming” artifacts with recon-
struction algorithms for CT images (Arbab-Zadeh et al., 2012). Typically, CT images
utilize a slice thickness of about 1 cm, with lateral spatial resolution nearing 0.25 mm
(Richards-Kortum, 2010). Slice thicknesses of 3 - 6 mm and scan times of about 100
ms are typical of electron beam computed tomography (EBCT) images (O’Rourke
et al., 2000). EBCT may be the only modality that can quantify the volume of cal-
cium, however, reproducibility is a concern unless the calcified area is greater than 2
mm (Wexler et al., 1996). An example of EBCT images of calcifications are shown
in Figure 1.2.
In the last decade, multidetector computed tomography (MDCT) imaging has
improved significantly. A slice thickness of 0.75 mm is typically used for image recon-
struction, improving plaque characterization using CT. For a 64-slice MDCT image
used for coronary angiography, the effective radiation dose is 11-22 mSv, or about 3
to 4 times the average yearly effective dose of natural background radiation (Hoff-
mann et al., 2006). The gold standard for evaluating the extent and advancement of
vascular calcification are EBCT and MDCT modalities, yet high cost and significant
radiation exposure limit CT imaging for calcification screening (Raggi and Bellasi,
2007).
For the detection of breast cancer calcifications, mammography and ultrasound
are typically used. Mammography has the ability to detect calcifications as small as
about 0.1 to 0.2 mm (Taki et al., 2012). While imaging small structures is continuing
9Figure 1.2: EBCT images of calcifications (circled) of multiple sizes. Corresponding
deposit sizes are listed to the right of the images. Image used with permission (He
et al., 2000).
10
to improve with both CT and mammography, the use of ionizing X-ray radiation in
these modalities is undesirable, and contributes additional health risks.
Fluoroscopy is used to acquire real-time images by placing the patient between
an X-ray source and an image screen or monitor. This modality can accurately
image medium to large calcific deposits, but smaller calcifications are unlikely to be
detected. The availability and relative low cost of fluoroscopy are favorable, however
disadvantages include the use of ionizing radiation, inability to quantify calcium,
dependence on skill of the operator, and variability of equipment (Wexler et al.,
1996).
Ultrasound is a relatively low cost, portable, and safe imaging modality (Raggi and
Bellasi, 2007). Calcification is typically distinguished in ultrasound images by a hy-
perechoic region, where the amplitude of the detected wave is increased, accompanied
by acoustic shadowing, which occurs when the path of a sound wave is obstructed.
Small calcifications, however, are seldom accompanied by acoustic shadowing because
they exhibit low levels of blocking (Taki et al., 2012). Ultrasound image slices are usu-
ally around 1 mm, with 0.5 mm in-plane lateral resolution (Richards-Kortum, 2010).
In practice, traditional ultrasonography poorly predicts calcified lesions smaller than
about 3 mm (Fowler et al., 2002). An echocardiogram of a calcified mitral valve is
shown in Figure 1.3.
Intravascular ultrasound imaging of the coronary arteries can obtain 0.05 - 0.1
mm resolution, however, higher frequencies are used that limit depth penetration to
about 5 - 10 mm (Richards-Kortum, 2010). IVUS creates cross-sectional images using
catheters with transducers mounted on the tip. An example of calcifications detected
in atherosclerotic plaque with IVUS are shown in Figure 1.4. High sensitivity and
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Figure 1.3: Echocardiogram of abnormal calcified mass on the mitral valve. Acous-
tic shadowing and hyperechoic behavior are evident. Image used with permission
(Yokoyama et al., 2007).
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Figure 1.4: Cross-sectional images of calcifications in plaque detected with IVUS.
Deposits are labeled with arrows. Image used with permission (Ehara et al., 2004).
specificity for dense, coherent calcification have been reported (90% an 100%, respec-
tively), where sensitivity drops significantly for areas of less than 0.05 mm2 (64%
reported) (Friedrich et al., 1994; Wexler et al., 1996). Hagenaars et al. (2000) found
that measurements of the extent of calcification were highly reproducible for calcifica-
tions with an average (median) length of 88 mm. The invasive nature of intravascular
imaging, cost, and additional operative time and equipment are obstacles that remain
before implementation of IVUS for routine plaque characterization (Arthurs et al.,
2010). A summary of the modalities commonly used for plaque characterization is
shown in Table 1.1.
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Modality Calcification
Deposit
Resolution
Invasive Ionizing Molecular Mechanical
MRI limited <1 mm no no yes no
Angiography no 0.5 mm yes yes no no
Optical no 20 µm yes no yes no
CT yes 2 mm no yes no yes
Mammography yes ≈ 0.1 mm no yes no yes
Fluoroscopy yes ≈ 1 mm no yes no yes
Ultrasound yes 3 mm no no no yes
Intravascular
Ultrasound
yes 0.05 mm yes no no yes
Table 1.1: Summary of clinical imaging modalities used for characterization of
atherosclerotic plaques.
1.3.3 Summary of Clinical Need
Plaque detection and characterization continues to improve with state-of-the-art imag-
ing modalities. However, while several modalities provide exceptional resolution for
particular constituents of atherosclerotic plaque, no modality can provide compre-
hensive characterization. Soft, molecular constituents such as lipid pools, in addition
to stiff components like calcification, should be considered when determining the vul-
nerability of a plaque to rupture. Reliably imaging small calcifications, in particular,
remains a challenge.
Overall, detecting the presence of atherosclerotic plaque and calcification early
in the onset of disease can allow for preventative interventions to be made. At later
stages, complete characterization of diseased vessels that require surgical intervention
could inform surgical decisions and reduce the risk of complications.
Currently, no technique fully meets the diagnostic needs with sufficient resolu-
tion unless it is invasive and/or uses ionizing radiation. Therefore, there is a critical
need to develop an imaging platform that can image molecular and mechanical in-
formation of plaque deposits with high resolution at clinically relevant depths in a
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safe, noninvasive manner. In this work, we propose a method of exploiting both the
optical (molecular) and acoustic (mechanical) properties of artery surrogates using
noncontact photoacoustic and laser-ultrasound techniques. With this nonionizing,
noninvasive method, we expect to detect structures on the order of 1 mm, and more
importantly, detect changes in acoustic impedance for a wall thickness on the order
of hundreds of micrometers at depths beyond 1 cm.
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CHAPTER 2:
LASER-GENERATED ULTRASOUND
IMAGING
Photoacoustic (PA) and laser-ultrasound (LU) imaging are rapidly expanding fields,
which have most recently been applied to biomedical applications. Essentially, PA
and LU imaging utilize laser-generated ultrasound, in which the absorption of light
generates an acoustic wave.
Discovery of the photoacoustic effect dates back to 1880, when Alexander Graham
Bell observed the absorption of modulated light resulting in audible sound (Bell,
1880). Strong promise for biomedical imaging applications, however, has only been
apparent since the turn of the 21st century (Beard, 2011). Detection of laser-generated
acoustic waves has also been explored for non-destructive material characterization
(Li and Hayward, 2012), pharmaceutical tablet evaluation (Verghese and Cetinkaya,
2007; Akseli et al., 2009), and geophysical applications (Blum et al., 2011).
This chapter presents an overview of photoacoustic and laser-ultrasound imaging,
and the application of these modalities to medical imaging. The basic theory of
photoacoustic wave generation and ultrasound propagation is presented. In addition,
advantages of PA and LU imaging are discussed, as well as the disadvantages and
obstacles that have yet to be overcome.
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2.1 Introduction to Photoacoustic Imaging
The photoacoustic (PA) effect begins with a modulated light source, typically a laser,
incident on a partially transparent medium. Human tissue exhibits strong optical
scattering properties, therefore the source light diffuses into a broad beam. A frac-
tion of the laser energy penetrates up to centimeters into the tissue, approximately
following the diffusion law (Xu and Wang, 2006). If the source wavelength corre-
sponds to an absorption wavelength of a chromophore within the tissue, a portion of
the pulse energy is absorbed by the chromophore and converted into heat. A subse-
quent increase in temperature, followed by an increase in pressure occurs. This rapid
thermoelastic expansion results in emission of acoustic waves, which can be detected
at the surface of the tissue. In brief, PA imaging is considered absorption based,
where the transient pressure within the absorbing chromophore behaves as the initial
source of ultrasound waves (Xu and Wang, 2006).
2.1.1 Advantages of Photoacoustic Imaging
Photoacoustic imaging possesses inherent advantages, which include the high contrast
capabilities of spectroscopic imaging modalities and high resolution and multiple cen-
timeter probing depths of ultrasound. Purely optical imaging modalities that rely on
minimally scattered (ballistic) photons have high resolution capabilities, yet are lim-
ited to depths of about 1 mm. Modalities relying on multiscattered photons can reach
multiple centimeters, at the cost of reduced resolution and blurring (Wang, 2009; Xu
and Wang, 2006). Photoacoustic imaging, on the other hand, benefits from multiple
optical scattering events, which allows for chromophores in tissue to be more evenly
illuminated. Ultrasonic scattering is two to three orders of magnitude weaker than
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optical scattering in tissue, therefore photoacoustic imaging allows for high spatial
resolution deep within tissue (Yao and Wang, 2011; Wang, 2009). Furthermore, pho-
toacoustic imaging utilizes low-intensity, nonionizing radiation. This eliminates the
health hazards related to ionizing radiation, such as that used in X-ray or positron
emission modalities (Wang, 2009).
Photoacoustic imaging is particularly well-suited for imaging vascular structures
because the absorption coefficient of hemoglobin is significantly higher than surround-
ing tissues for wavelengths in the optical window, around 700-900 nm (Xu and Wang,
2006). As a result, the amplitude of the PA wave generated by hemoglobin molecules
can be of high-contrast with the appropriate illumination wavelength. Because PA
imaging is absorption based, spectroscopic information can be extracted. Oxygena-
tion status, tumor characteristics, melanin concentration, and molecular imaging are
all applications that may benefit from this modality (Wang, 2009).
2.1.2 Theory of the Photoacoustic Source
The spectroscopic capabilities of PA imaging are a clear advantage, yet a common
misconception is that the amplitude of a PA wave can be directly related to absorp-
tion, when in fact the problem is more complex (Beard, 2011). The conversion of
absorbed optical energy, H, to heat can be defined
H(r) = µa(r)Φ(r;µa, µs, g) (2.1)
where µa is the local absorption coefficient at location r, and Φ(r;µa, µs, g) is optical
irradiance at that location. The absorption and scattering coefficients, µa and µs,
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respectively, correspond to optical properties of the tissue, and the anisotropy factor
of the tissue is g.
Assuming impulsive heating, the initial pressure distribution p0 can be related to
the absorbed optical energy by
p0 = ΓH(r) = Γµa(r)Φ(r;µa, µs, g) (2.2)
where the Gru¨neisen coefficient is defined Γ = βc
2
Cp
. This thermodynamic constant
describes the efficiency of converting from heat energy to pressure by relating the
speed of sound c, the specific heat capacity Cp, and the volume thermal expansivity β
of the tissue. We can see from Equation 2.2 that both p0 and Φ depend on µa, therefore
the amplitude of a PA wave depends nonlinearly on µa, an important factor when
attempting to quantify spectroscopic properties of chromophores using PA techniques
(Beard, 2011).
2.1.3 Confinement Conditions
Equation 2.2 assumes that thermal conduction and stress propagation are negligible
during the laser pulse. The pulse width of the source laser, τp, must be shorter than
both the time for heat dissipation of the absorbed energy τth, and the time for stress to
pass the heated region τs. The former is known as the thermal confinement condition,
where heat diffusion can be neglected; and the latter the stress confinement condition,
which ensures a rapid buildup of thermoelastic pressure (Xu and Wang, 2006).
Considering a sample with a thermal diffusivity DT , we can define the time for
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thermal diffusion
τth ∼
L2p
4DT
(2.3)
where Lp is a representative linear dimension, such as the size of the absorbing target
or depth of penetration of the source beam. The time for stress to pass the heated
region is defined
τs =
Lp
c
(2.4)
where c is the speed of sound in the medium. Summarily, the source pulse width
must meet the following conditions (Gusev and Karabutov, 1993)
τp 
L2p
4DT
& τp <
Lp
c
(2.5)
In general, a source beam with a pulse width in the nanosecond range is used, which
easily meets these conditions for spatial resolution on the order of hundreds of mi-
crometers in human tissue (Xu and Wang, 2006).
2.1.4 Laser-Ultrasound Propagation
At wavelengths beyond about 1000 nm, water has a strong absorption coefficient. A
majority of human tissue is composed of water, therefore strong absorption occurs at
the surface of the tissue when source lasers beyond the optical window are used. The
laser-ultrasound (LU) wave that is generated at the surface then propagates through
the tissue as in traditional ultrasound imaging. Through careful analysis of the path
of this wave, an ultrasound image can be reconstructed. While PA image contrast
is dominated by optical absorption and mechanical and thermodynamic quantities
are typically neglected, LU images provide information about mechanical contrast.
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Stenosis and calcification detection are examples of valuable information that can
be obtained through analysis of the LU wave, which are not readily extracted from
PA imaging. As a result, the use of a dual PA-LU system can provide a wealth of
information about tissue constituents.
The simplified wave equation for acoustic wave propagation in human tissue is
dictated by the differential equation defined as
(
∂2
∂t2
− c2∆2)p = Γ∂H
∂t
(2.6)
This equation assumes the confinement conditions of Equation 2.5 have been satisfied,
the acoustic pressure is substantially lower than conventional ultrasound pressure (in
the kPa range), and the tissue is homogeneous (Beard, 2011; Wang, 2009).
2.1.5 Limitations of Photoacoustic and Laser-Ultrasound Imag-
ing
The primary limitations of photoacoustic and laser-ultrasound imaging relate to prob-
ing depth and spatial resolution. Attenuation is high for high frequency acoustic waves
in tissue, therefore high resolution images are known to sacrifice depth penetration.
Likewise, visualizing deep structures in tissue results in a loss of resolution. While this
is a known limitation for ultrasound imaging, the greater limitation for PA imaging
is optical attenuation due to the strong scattering of light in human tissue.
Additional limitations include slow data acquisition times because of the low repe-
tition rates of the source laser, imperfect image reconstruction algorithms, and design
of the acoustic detector, which will be discussed in more detail in Chapter 3.
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CHAPTER 3:
ACOUSTIC WAVE DETECTION METHODS
Methods of detecting acoustic waves for medical imaging are described in this chapter.
The characteristics, advantages, and disadvantages of traditional ultrasound trans-
ducers for both ultrasound and photoacoustic detection are discussed. Subsequently,
the basic theory of interferometric detection of acoustic waves, and the associated
benefits and obstacles are presented.
3.1 Piezoelectric Transducers
Piezoelectric transducers are currently used for clinical ultrasound imaging. These
contacting transducers have relatively narrow bandwidths, which requires the oper-
ator to choose the transducer with the most suitable range of frequencies for each
application. Typically, transducers range from 1 MHz to 15 MHz. High spatial
resolution is obtainable with high frequency transducers, however, only superficial
structures can be detected due to strong high frequency attenuation in human tissue.
With lower frequencies, deeper penetration is possible, at the sacrifice of spatial reso-
lution. Ultrasound transducers are typically made of ceramic materials or polymers,
which require contact with the sample to be imaged (Kihm et al., 2009). A majority
of photoacoustic imaging work is done with piezoelectric transducers, which leads to
the possibility of combining photoacoustic and ultrasound imaging capabilities in a
single instrument (Kim et al., 2011, 2010).
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Additional limitations arise for photoacoustic imaging with piezoelectric transduc-
ers. A majority of piezoelectric transducers are made from opaque, ceramic materials.
As a result, delivering light to the tissue when access to the sample is limited to one
side is a considerable design challenge (Zhang et al., 2008). With further development,
transparent detectors made of polyvinylidene fluoride have potential to overcome this
problem (Niederhauser et al., 2007). Furthermore, most reconstruction algorithms
assume the use of point detectors. This requires each detector element to be smaller
than the smallest structure to be imaged for accurate reconstruction. Sensitivity re-
duces significantly with decreasing element size, therefore imaging of small structures
is problematic (Zhang et al., 2008). Overall, environmental constraints, spatial res-
olution and frequency needs, and sample accessibility present obstacles for realizing
the full potential of both photoacoustic and ultrasonic imaging using piezoelectric
transducers (Balogun and Murray, 2011).
3.2 Optical Interferometry
Optical detection of acoustic waves using interferometry has distinct advantages over
contacting transducers. Typically, interferometers have broadband frequency char-
acteristics, allowing a wide range of frequencies to be detected, without requiring
calibration. In addition, no acoustic contact with the sample is necessary (Kihm
et al., 2009). The ability to image safely, without contacting the patient, and with-
out the need for personnel to manually control a transducer creates the potential for
interferometry-based image detection to be advantageous in both clinical and sur-
gical procedures. Lateral resolution is dependent on the spot size of the detection
beam and the scanning capabilities of the stage for photoacoustic imaging, therefore
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increased PA resolution is possible with interferometry detection (Kihm et al., 2009).
The most common interferometers fall into two categories: wavefront splitting and
amplitude splitting, the latter of which is typically used for the detection of acoustic
waves (Hecht, 2002). Detection type, interference pattern, coherence of the light
source, signal modulation, and geometrical configuration are additional characteristics
used to classify interferometers (Kihm et al., 2009).
For medical imaging purposes, interferometers are used to detect the thermoelastic
response of a target by measuring surface displacement or particle velocity. In a
simple interferometer, a laser beam is split into two arms: a reference beam and
a probe beam, Figure 3.1. The reference arm has a known path length, and the
probe beam is incident on the detection surface. When an acoustic wave propagates
through the sample to the detection surface, a small surface displacement results,
modulating the optical path length of the probe beam. The reference and probe
beams are then recombined, and the interference pattern is analyzed to determine
the change in optical path length (Kihm et al., 2009; Hecht, 2002).
Mathematically, the energy of the reference and probe beams can be represented as
E1 = a1e
iω1t, and E2 = a2e
iω2t+
2pi
λ
d, where a1 and a2 are the electric field amplitudes
and ω1 and ω2 are the angular frequencies of the corresponding beams, λ is the
wavelength of the source, and d is the change in optical path length (Kihm et al.,
2009; Hecht, 2002). The resulting irradiance (intensity) from the superposition of the
two recombined beams can be described
I = (E1 + E2)(E1 + E2)
∗ = a21 + a
2
2 + 2a1a2cosδ (3.1)
where δ = (ω1−ω2)t− 2piλ d. Total constructive interference occurs when cosδ = 1, and
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Figure 3.1: Simple Michelson interferometer. A source beam is split into a reference
beam, with known path length, and a probe beam incident on the sample surface.
When the two beams are recombined, the interference pattern is analyzed to deter-
mine the change in optical path length resulting from displacement of the probe beam
by an acoustic wave.
the irradiance is a maximum. This maximum results when the disturbances are in-
phase, or when the interference is an integer multiple of 2pi. A minimum irradiance
(total destructive interference) occurs when the waves are pi radians out-of-phase
(cosδ = −1), which is represented as a trough in the interference pattern, Figure 3.2.
Both homodyne and heterodyne interferometers are considered amplitude-splitting
interferometers, in which the amplitude of the beams in the two arms are lower than
the original beam (Hecht, 2002). The general characteristic that differs between these
two interferometers is the relationship between the optical frequencies of the refer-
ence and probe beam. In homodyne interferometry, ω1 = ω2, and δ = −2piλ d. The
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Figure 3.2: Top: total destructive interference of reference and probe beam, where
δ = pi. Bottom: total constructive interference, where δ is an integer multiple of 2pi.
well-known Michelson interferometer is an example of a homodyne interferometer.
The optical frequency of one of the beams is modulated in heterodyne interferometry
(ω1 6= ω2). In this case, δ = ∆ω − 2piλ d, where ∆ω is the carrier frequency (Kihm
et al., 2009). Traditionally, heterodyne interferometers have been thought to be supe-
rior systems due to signal intensity sensitivity, non-continuous detection issues, and
difficult alignment issues with homodyne systems. However, modern-day homodyne
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interferometers have overcome many of these limitations. In our laboratory, we have
used both homodyne (Bossa Nova Technologies, Tempo) and heterodyne interferom-
eters (Polytec, PSV-400-M4) with success.
In general, interferometers require smooth, reflective surfaces for adequate sen-
sitivity. To account for this, most experiments incorporate a reflective coupling
medium, such as water or oil to smooth the sample surface and improve reflectiv-
ity.
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CHAPTER 4:
PHOTOACOUSTICS IN MEDICAL IMAGING:
STATE OF THE ART
This chapter provides an overview of recent photoacoustic imaging research toward
characterization of atherosclerotic plaques. Strides toward photoacoustic detection of
hemoglobin, lipids, and inflammation show promise for using photoacoustic imaging
to visualize molecular constituents of plaque. Remote, optical detection of acoustic
waves for biomedical applications is also under investigation, which has demonstrated
improved resolution and increased detection bandwidth.
Room for improvement remains in obtaining high-resolution, deeply penetrating
images, non-invasively, to increase the potential for screening patients for atheroscle-
rosis and other vascular complications. Specifically, mechanical factors such as wall
thickening, stenosis, and calcification have yet to be explored in depth with laser-
generated ultrasound modalities. Non-invasive, safe imaging for treatment and sur-
gical planning are additional motivations for improving depth and resolution using
external detection methods. Improved image reconstruction and methods for clear,
comparative analysis of contrast may also improve interpretation of PA and LU im-
ages.
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4.1 Photoacoustic Imaging of Vascular Structures
The marked potential for distinguishing molecules based on spectroscopic proper-
ties using photoacoustic imaging has been described extensively (Wang, 2009; Xu
and Wang, 2006; Beard, 2011; Laufer et al., 2010). Visualization of vascular struc-
tures using photoacoustic techniques is advantageous because hemoglobin possesses
unique spectroscopic properties within the optical tissue window (700 - 900 nm),
where penetration of multiple centimeters is possible (Xu and Wang, 2006). Within
this window, the absorption coefficient of hemoglobin is up to six orders of magnitude
higher than surrounding tissue constituents, allowing for high contrast images with
virtually nonexistent background noise (Wang, 2009).
Photoacoustic imaging of lipid pools in atherosclerotic plaque is beginning to be
explored. By exploiting the unique spectroscopic properties of lipid molecules, Allen
et al. (2012) imaged the full thickness of a plaque lesion in the wall of a human aorta
with excellent signal-to-noise ratio. Identifying calcium deposits, however, is not as
readily achieved through this spectroscopic photoacoustic imaging technique, as the
spectral properties of calcium are indistinct in the range of 700 to 1400 nm. Through
an indirect method, however, Kang et al. (2011) were able to image breast microcal-
cifications as small as 50 µm ex vivo. Excitation wavelengths between 690-700 nm
were found to be optimally absorbed by calcifications. However, this range is strongly
absorbed by hemoglobin molecules as well, creating a significant obstacle for vascular
calcification detection using spectroscopic techniques. The inflammatory response of
atherosclerotic lesions has also been investigated using photoacosutic molecular imag-
ing with gold nanorods as a targeting agent (Ha et al., 2011; Yeager et al., 2012; Kim
et al., 2007).
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The attenuation of high-frequency ultrasound waves has been a driving factor for
the development of intravascular ultrasound and intravascular photoacoustic imaging
(IVPA) techniques to evaluate atherosclerotic lesions with high resolution. The feasi-
bility of differentiating several constituents of atherosclerotic plaque using combined
IVUS and IVPA imaging probes has been demonstrated with high axial resolution
(Sethuraman et al., 2005). Detectors with frequency ranges of up to 80 MHz have
been developed, allowing for structures as small as 6 µm to be detected (Li et al.,
2012b). Recently, lipids were visualized ex vivo using ultrasound guided IVPA in
rabbit and human specimens (Wang et al., 2012). In each of these experiments, high
resolution was obtained, yet the invasive nature and limited depth penetration remain
drawbacks to intravascular techniques (Wang, 2009).
4.2 Remote Photoacoustic and Laser-Ultrasound
Imaging
Noncontact photoacoustic and laser-ultrasound detection is growing and continually
increasing in sophistication. Photoacoustic imaging experiments have been accom-
plished using both homodyne and heterodyne interferometers, with some of the first
experiments occurring as early as ten years ago (Payne et al., 2003). Carp et al. (2004)
detected polyamide tubes smaller than 200 µm using a modified Mach-Zehnder inter-
ferometer; however, an arcing artifact is evident, intrinsic to the delay and sum beam-
forming algorithm used. Similarly, a Mach-Zehnder interferometer has been used as
a line-detector to obtain three-dimensional photoacoustic images with resolutions of
less than 300 µm (Paltauf et al., 2007b; Holotta et al., 2011). Unlike traditional
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interferometers that measure phase changes in a probe beam perpendicular to the
sample, this detector beam is directed parallel to the sample surface. Reconstruction
was accomplished by first calculating a linear projection of the detector line across
the object surface and rotating the detector array, and applying a final Radon trans-
form reconstruction (Paltauf et al., 2007b). Radon transforms reconstruct an image
by computing a line integral for each trace recorded in time at an offset position.
Subsequent experiments incorporate a faster time-domain reconstruction algorithm,
yet with both frequency and time domain approaches, smearing of the object edges is
evident due to a limited view problem (Paltauf et al., 2007a). An acoustic mirror was
also incorporated to increase sensitivity using this method. Using an inverse Radon
transform, enhanced sensitivity, with a resolution of 120 µm at superficial depths (10
mm) was achieved (Nuster et al., 2012). In each line-detector experiment, the sample
is immersed in water, for acoustic coupling of the waves to the probe beam.
A homodyne, low-coherence interferometer, equivalent to that used for traditional
optical coherence tomography, was used by Wang et al. (2011) to image hair and blood
vessels with resolution of less than 100 µm both axially and laterally. A mineral oil
was used to improve system sensitivity to surface roughness. Both the source and
detection beams were focused, which allowed for high resolution, but only superficial
depths to be imaged (1.0 mm).
Most interferometers require detection on smooth surfaces, yet large e´tendue in-
terferometers have increased sensitivity on rough surfaces, including confocal Fabry-
Perot interferometers and two-wave mixing systems (Pouet et al., 2011). Recently,
Rousseau et al. (2012a, b) developed a fully-noncontacting PA and ultrasound imag-
ing system that does not require a coupling medium. A confocal Fabry-Perot inter-
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ferometer was used, which incorporated careful shaping of a pulsed detection beam.
This allowed for the use of a high-energy detection beam, without exceeding the
American National Standard Institute (ANSI) safety limits. After reconstructing the
images using a synthetic aperture focusing technique, hyperbolic artifact remained
due to improper focusing by the algorithm. A two-wave mixing interferometer with
a photo-refractive crystal has also been applied to biomedical photoacoustic imaging.
The interferometer used does not require a coupling medium, and has the capability
to image on rough surfaces. With the implementation of a Fourier synthetic aperture
focusing technique, structures as small as 120 µm at depths of 4 mm were detected
in tissue-mimicking phantoms (Hochreiner et al., 2012).
Air-coupled transducers have also been evaluated for noncontact photoacoustic
signal detection. It was necessary for the transducer to be sufficiently close to the
sample (7.5 mm detection distance), and both bandwidth and sensitivity limitations
remain. Additionally, available air-coupled transducers are unfocused, limiting reso-
lution (Kolkman et al., 2010).
Fabry Perot polymer film interferometers have overcome many of the limitations
described in Section 3.1, yet still require contact with the sample. Careful design of
the film achieves optical transparency, so that the excitation beam can be transmitted
directly through the sensor head. The additional characteristics of optical detection,
including improved sensitivity and resolution, broadband frequency response, and
straightforward backward mode detection schemes are advantages of this technique
(Zhang et al., 2011, 2008; Beard et al., 2009).
Overall, photoacoustic imaging using remote detection techniques has gained in-
creasing interest in recent years. Imaging capabilities and practicality are continuing
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to improve, yet many obstacles remain. While resolution continues to improve for
superficial structures, attenuation is a consistent limitation for accurate image re-
construction beyond about 1 cm. Additionally, hyperbolic artifacts remain in many
images after reconstruction using traditional biomedical imaging algorithms. What’s
more, noncontact acoustic detection for biomedical applications has focused on pho-
toacoustic detection, while the analysis of the LU wave generated at the surface
is only beginning to be explored. Li et al. (2012a) describe the first experiment
using laser ultrasound measurements to evaluate mechanical properties of a tissue-
mimicking phantom, while the noncontact ultrasound images obtained by Rousseau
et al. (2012a, b) are the first of their kind. Our motivation is to improve PA and LU
resolution and clarity at depths beyond 1 cm using image processing techniques from
seismology. In addition, a method of jointly analyzing contrast among absorbers and
scatterers are expected to enhance interpretation of PA and LU images.
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CHAPTER 5:
METHODS
5.1 Experimental Setup
In this chapter, experimental methods for obtaining PA and LU images using optical
excitation and detection are presented. Phantoms were created to represent human
tissue properties, with structures embedded that replicate characteristics of healthy
and diseased vessels. Of particular interest is the difference in PA generation and LU
scattering due to increased acoustic impedance of the vessel wall.
Image processing methods are also described, which were used to remove interfer-
ing waves, improve image contrast, and accurately locate absorbers and scatterers.
Finally, a method of jointly analyzing photoacoustic and laser-ultrasound contrast is
presented. All image processing was accomplished using MATLAB R© software.
5.1.1 Phantom Construction
A solid tissue-mimicking phantom was constructed to simulate the optical scatter-
ing and acoustic properties of human tissue. The phantom was composed of 1%
Intralipid R©, 1% highly purified agar (A0930-05, USBiological), and deionized water.
Intralipid R© is a phospholipid emulsion that is widely used for optical and photoacous-
tic phantom studies because it is a homogeneous and turbid medium, without distinct
absorption bands (Yao et al., 2010; Flock et al., 1992; Kinnunen and Myllyla¨, 2005;
Driver et al., 1989; Cubeddu et al., 1997). Agar was used to solidify the phantom,
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without notably increasing turbidity or absorption (Cubeddu et al., 1997).
Several proxies were embedded into the phantom to mimic absorbing and scat-
tering properties of vascular structures with varying compositions. A thin-walled
polyester tube (1.57 mm inner diameter) was chosen to represent a non-diseased ves-
sel. The tube was optically clear, so that it did not contribute to absorption, and
therefore PA wave generation. The wall-thickness of the polyester tube (12.7 µm)
was considerably smaller than the expected wavelength of the source, therefore it was
assumed to be acoustically transparent. While the acoustic impedance of polyester
is relatively high, it was negligible for the small thickness. In contrast, an acrylic
tube with an inner diameter of 1.4 mm and wall thickness of 233.5 µm was used to
represent a vessel that had increased acoustic impedance, such as an artery stiffened
by calcification. Each of these surrogates was placed 18 mm below the surface of the
phantom.
Table 5.1 shows the acoustic impedance and modulus of rigidity for each medium
used. The fraction of the incident wave that is reflected at the interface between two
mediums is defined by the reflection coefficient:
R =
Z − Z0
Z + Z0
(5.1)
where Z and Z0 are the acoustic impedance of the first medium (phantom) and second
medium (artery surrogate), respectively. The value of R ranges from 0 to ± 1, where
the amplitude of a reflected wave at an interface where R = ± 1 is equal to the
amplitude of the incident wave. The reflection coefficients expected for each interface
are recorded in Table 5.2.
An infrared absorbing dye (Epolight
TM
2057) dissolved in isopropyl alcohol was
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Medium ρ( kg
m3
) c(m
s
) Z(MNs
m3
) G (GPa)
Phantom 1000 1390 1.39 ≈10*10−6
Polyester 1400 – – 0.9
Acrylic 1180 2740 3.23 1.7
Air 1.2 343 4.12*10−4 0
Dye 786 1170 0.92 0
Table 5.1: Typical acoustic and mechanical properties of tissue phantom and em-
bedded mediums, where ρ is the mass density, c is the speed of sound, Z is acoustic
impedance, and G is the modulus of rigidity. The modulus of rigidity of the phan-
tom was considered negligible relative to the tubes. In addition, the thin wall of the
polyester tube (relative to the source wavelength) allowed for a negligible acoustic
impedance. References used: (Bloomfield et al., 2000; Selfridge, 1985; Pavan et al.,
2010).
Interface R
phantom-air -0.9994
phantom-dye -0.2037
phantom-polyester ≈ 0
phantom-acrylic 0.4038
Table 5.2: Reflection coefficient R of interface between tissue phantom and embed-
ded mediums. The acoustic impedance of the air-polyester interface was negligible
because the wall thickness was acoustically transparent. A negative reflection coeffi-
cient corresponds to a 180◦ phase shift of the reflected wave.
used to represent a chromophore in the body. As a comparison, trials were accom-
plished with each tube filled with both air and dye. While the dye was chosen to
absorb light at 1064 nm, air is optically transparent, and was not expected to gen-
erate a PA wave. In contrast, the acoustic impedance of air is significantly different
than the acoustic impedance of the phantom, as the majority of the phantom was
composed of water whereas alcohol in the dye more closely mimicked the acoustic
impedance of the phantom. We therefore expected the LU scattering due to air to
exhibit higher contrast than scattering from the dye. Likewise, the acrylic tube was
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Tube type None Polyester (Healthy Vessel) Acrylic (Calcified Vessel)
Trial
Number
1. 2. 3. 4. 5.
Tube
Filling
– Air
Dye (Blood,
Lipids)
Air
Dye (Blood,
Lipids)
Table 5.3: Summary of experiments. Trial numbers correspond to the type of tube
embedded in the phantom and the “filling” within the tube. The tissue analogue that
corresponds to each surrogate is labeled in parenthesis.
expected to scatter the LU waves, while the polyester tube’s contribution to scattering
was expected to be negligible.
A total of five trials were recorded, which allow for examination of PA wave
generation, which provided spectroscopic information, and LU wave scattering, which
gave insight to changes in acoustic impedance. These trials are listed in Table 5.3,
and will be referenced by the corresponding trial numbers hereafter.
5.1.2 Laser System and Setup
As discussed in Section 2.1, rapid absorption of optical energy by an absorber gen-
erates a sound wave that can be detected at the phantom surface. In general,
pulsed laser light is used to accomplish this task. For our experiments, we used a
Neodymium-doped Yttrium Aluminum Garnet (Nd:YAG) laser with a wavelength of
1064 nm and nanosecond pulsing capabilities (QuantaRay, Spectra Physics, Newport
Corporation, Irvine, California). An unfocused beam (8 mm diameter) was pulsed
with a 10 ns pulse width and 11 Hz repetition rate. For a spatial resolution of at
least 1.5 mm, the conditions from Equation 2.5 must be met. Assuming a thermal
diffusivity of 1.4 X 10−3 cm2/s for human tissue (Duck, 1990) and c = 1500 m/s, τp
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must be less than 1000 ns, which was easily met using our pulse width of 10 ns. The
pulse energy was kept at approximately 100 mJ/cm2, but we recognize additional
energy considerations will be required to keep the laser exposure below the American
National Standard Institute maximum permissible exposure for repetitive pulses at
1064 nm. A scanning heterodyne interferometer (vibrometer) was utilized for de-
tection of the PA and LU waves (Polytec PSV-400-M4). Line scans were recorded
in reflection mode, where the detection beam was scanned by 336.9 µm increments
away from the location of the source beam, with an average of 64 A-scans recorded
per beam location. A total of 95 traces were recorded, covering a scan distance of 3.2
cm.
The source beam was incident on the phantom surface, to allow penetration of
the laser light into the phantom. A reflective tape was placed across the detection
surface for improved reflectivity and signal detection, Figures 5.2 and 5.1. The source
wavelength is also strongly absorbed by water, which accounts for a majority of the
composition of both human tissue and our phantom. The laser energy was thus
absorbed by the phantom at the surface, generating an LU wave that propagated
through the phantom.
5.2 Data Processing
5.2.1 Frequency Domain Filtering
Filtering in the frequency domain is a commonly used method for removing a partic-
ular range of frequencies from an image. In general, the process begins by computing
the two-dimensional Fourier transform of an image, labeled F . The unwanted fre-
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Figure 5.1: (a) Photograph of experimental setup, with the scan line shown. (b) 3D
perspective view of phantom setup with 2D image plane shown.
quencies are “blocked out”, and then the inverse transform is computed to reconstruct
the image in the spatial domain.
In the case of an image that only varies with time in one dimension, the design
of the filter is straight forward. We used a simple highpass filter H that set all
frequencies below a defined cutoff fc to 0, and 1 elsewhere:
H(f) =

0, if f < fc,
1, if f ≥ fc,
(5.2)
A sharp edge in the frequency domain relates to a sinc function in the time domain,
therefore we applied a common Butterworth smoothing function to the edges of the
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(a) (b)
Figure 5.2: Diagram of (a) PA wave generation and (b) LU generation and scattering
in the transverse plane of the phantom. In (a), the optical energy of the source beam
is shown illuminating an absorber embedded in the phantom. This caused a PA
wave to be generated, which was detected at the phantom surface. An LU wave was
generated at the surface of the phantom as shown in (b). The deflection of this wave
by a scatterer in the phantom was detected at the phantom surface. Both (a) and
(b) occur concurrently, in a single scan.
filter to reduce ringing effects (Gonzalez and Woods, 2008). Multiplying H by F
and computing the inverse Fourier transform resulted in the original image with the
unwanted frequencies removed.
5.2.2 F-k Filtering
When an excitation laser that absorbs water is used for photoacoustic imaging, a wave
is generated at the surface of the tissue, as described in Section 2.1.4. This causes a
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wave to propagate not only through the tissue thickness, but also directly from the
incident location of the source to the receiver, along the surface of the tissue. This
direct wave can cause unwanted interference with the detection of waves generated
or scattered within the tissue. Frequency-spatial frequency (f-k) filtering is a method
that has successfully extinguished or suppressed waves in seismic images for decades
(Hayashi and Sato, 2010; Bing et al., 2011). F-k filters are often called velocity filters,
which are used to separate waves that arrive from different directions (Hayashi and
Sato, 2010). Generally, these filters are designed to suppress data in a particular
region of the f-k domain.
A commonly used f-k filter is the pie-slice filter. Figure 5.3 shows a representative
f-k spectrum and slowness (velocity−1) lines with slopes s1 = k1/f1 and s2 = k2/f2.
The region between two slowness-lines is suppressed in a pie-filter, where the filter
k-width increases with increasing frequency (Mars et al., 1997).
For this work, a pie-filter was designed to remove the direct wave in the f-k domain.
The slopes of the slowness lines were carefully chosen by inspection of the f-k spectrum
to suppress only the direct wave. A taper function was incorporated to smooth edges
of the pie-filter, and reduce ringing effects from converting sharp edges in frequency
space back to the time domain. The filter function used was defined:
H(fx, kx) =

0, if s1 ≤ s ≤ s2,
1− e−|
s−s1
s1
|2
, if s < s1,
1− e−|
s−s2
s2
|2
, if s > s2
(5.3)
where the slowness at a given point in f-k space is s(fi, ki) =
ki
fi
.
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Figure 5.3: Diagram of f-k domain, with slowness lines having slopes equal to s1 =
k1/f1 and s2 = k2/f2.
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5.2.3 Normal Moveout Correction and Stacking
For our experimental set-up, we utilized a single source and multiple detector posi-
tions. Therefore, there was a difference between the time of arrival of waves detected
in traces (A-scans) offset from the source with respect to waves recorded at zero off-
set. Seismologists remove this increased travel time using a normal moveout (NMO)
correction (Dunkin and Levin, 1973; Rupert and Chun, 1975). This method uses
knowledge about the offset between source and receiver x, wave travel time t, and
wave speed c, to transform the traces and remove the increased travel time due to
offset. Both x and t were known from the raw data and experimental parameters,
which left c as a free parameter. The equation for a hyperbola, Equation 5.4, was
used to calculate the difference in travel time between waves arriving at an offset, to
a wave that arrived at zero offset, t0
t2 = t20 +
x2
c2
(5.4)
As shown in Figure 5.4, the travel time increased for a wave detected at an increased
offset. More precisely, the time of arrival of both PA and LU waves increased hyper-
bolically with increasing offset from the source (PA) or scatterer (LU).
The time for an electromagnetic wave to travel from source to absorber was con-
sidered instantaneous in comparison to the time for an acoustic wave to travel the
same distance. For a PA wave, originating in the absorber, the simple hyperbola
equation was adequate. However, the time of arrival of an LU wave contains an ad-
ditional offset because of the increased time for the LU wave to travel from source
to scatterer. The travel time from source to scatterer t1, and from scatterer to the
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Figure 5.4: Propagation of acoustic waves. Left: diagram of actual travel time t for
a PA wave that traveled to a detector offset a distance x from zero-offset. The travel
time of a PA wave detected at zero offset was defined t0. Right: travel time of an LU
wave from source to scatterer t1 and scatterer to surface t2. The distance traveled
for a wave originating at the scatterer and detected at zero offset is labeled t0. The
offset from source to detector xs, must also be accounted for in the LU correction.
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detector t2 are related to account for the total LU travel time:
t = t1 + t2 (5.5)
Likewise, an additional offset term xs was added to the detector offset to account for
the offset of the source with respect to the detector when calculating t1, Figure 5.4(b),
which is defined:
x = xd + xs (5.6)
where xd is the distance from zero-offset to the detector position. Substituting Equa-
tion 5.5 and 5.6 into Equation 5.4, the normal moveout was applied to LU scattered
waves.
After the normal moveout was applied, a stacking procedure was implemented to
enhance contrast, optimize c, and improve signal-to-noise ratio. All adjacent A-scans
were summed together into a single trace and normalized. Semblance, a measurement
of coherence among traces after NMO correction, was then evaluated. Many methods
of analyzing semblance have been explored. For our processing, we defined semblance
as the ratio of maximum amplitude of the wave of interest to amplitude of the noise
in the stacked trace. The velocity in Equation 5.4 was varied until maximum sem-
blance was achieved. This occurred when the same wave in adjacent traces summed
constructively. The velocity at optimum semblance was an accurate measurement of
the speed of sound in the medium, and the resulting stacked-trace was then used as
an objective measure to relate contrast between trials.
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CHAPTER 6:
RESULTS AND DISCUSSION
This chapter outlines the experimental results and processed images outlined in Chap-
ter 5. The acquired, normalized images are shown in Figure 6.1. Both PA (Trials 3
and 5) and LU (Trials 2 - 5) waves were evident, however the relative contrast of each
wave was unclear, and low frequency waves dominated the data. Additionally, the
time of arrival of the direct wave, traveling from source to receiver, overlapped the ar-
rival of the PA waves. As discussed in Section 5.2.3, the time of arrival of waves both
generated in and scattered by the targets within the phantom increased hyperboli-
cally as offset of the detector increased on either side of the tube. Using techniques
native to geophysical image processing, described in Section 5.2, the interfering waves
were suppressed and the hyperbolic time of arrival was corrected.
6.1 Image Filtering
The f-k spectra for each trial is shown in Figure 6.2. Two common features were
present in each spectra: a distinct vertical line centered around the origin, represent-
ing abundant low frequency content, and a diagonal line through the origin, which
indicated the unique slowness slope of the direct wave, as labeled in Figure 6.2(a).
In order to remove these features, we applied the frequency domain and f-k filtering
techniques described in Sections 5.2.1 and 5.2.2, respectively.
The wave generated at the surface of the phantom not only traveled throughout
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Figure 6.1: Normalized B-scan images in the time domain. The generated PA wave
and scattered LU wave are labeled for each trial at the location of the tube. The
direct wave and low frequency content overshadow the PA and LU waves. The time
of arrival for each wave increases hyperbolically with distance from the tube.
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Figure 6.2: F-k spectra for Trials 1-5. The direct wave and concentrated low frequency
content are labeled in Trial 1 (a), with the phantom only.
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Figure 6.3: F-k spectra for Trial 5, with acrylic tube filled with dye. The information
corresponding to frequencies below 100 kHz was suppressed by multiplying the f-k
spectra by a filter that is zero for low frequencies.
the phantom, but a wave also propagated through the air along the phantom surface.
The speed of sound through air is in the range of 350 m/s; significantly slower than
the speed of sound through the phantom. Thus, this wave was easily removed using
a highpass filter. The filter was designed as a first order Butterworth filter with a
cutoff frequency of 100 kHz, as defined by Equation 5.2. The filtered spectra for Trial
5 is shown in Figure 6.3, and all highpass filtered images are shown in Figure 6.4.
After removing the air wave, an f-k filter was designed using Equation 5.3 to
remove the direct wave. The slowness lines s1 and s2 were chosen in order to suppress
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Figure 6.4: B-scan images for Trials 1-5 with low frequencies removed by a highpass
filter. The direct wave interferes with the PA waves in (c) and (e).
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Figure 6.5: F-k spectra for Trial 5, with acrylic tube filled with dye. The direct wave
spectra was suppressed by multiplication of the f-k spectra by a pie-slice filter.
the direct wave, without obstructing f-k information corresponding to the arrival of a
PA or LU wave. The filtered spectra for Trial 5 is displayed in Figure 6.5, along with
the images from each trial with the direct wave successfully suppressed in Figure 6.6.
6.2 NMO Correction and Stacking
We applied the normal moveout correction to the filtered images to remove the in-
creased time travel for waves detected offset from the tube. This placed the wave
arrivals at the time they would arrive if the waves originated at the absorber (PA)
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Figure 6.6: F-k filtered B-scan images. The direct wave was successfully suppressed
in each trial, allowing for the PA and LU waves in each trial to be more clearly
distinguished.
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Figure 6.7: Maximum amplitude of LU wave in Trial 2 (a) and PA wave in Trial 3
(b) for a given velocity. The velocity of sound in the phantom for optimum NMO
correction was 1390 m/s.
or scatterer (LU). Using the equation for a hyperbola defined in Equation 5.4, and
correcting for the increased offset of the source and corresponding travel time for LU
waves using Equations 5.5 and 5.6, the arrival of PA and scattered LU waves were
placed at the corrected time of arrival. Optimum semblance was found using a speed
of sound 1390 m/s for both PA and LU corrections, Figure 6.7.
With the waves arriving at the “correct” times, multiplication of the time axis by
velocity resulted in an image in spatial dimensions only, with the tubes located at the
appropriate depth, Figure 6.8 and Figure 6.9.
Finally, a stacking procedure was implemented, in which we summed adjacent
A-scans into a single trace and normalized. The contrast in relation to each wave,
whether generated by the PA effect or LU scattering was comparable through analysis
of this trace. The resulting stacked traces after NMO correction assuming PA and LU
time of arrival assumptions are shown in Figure 6.10 and 6.11, respectively. Relative
contrasts from each trial are displayed in Table 6.1.
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Figure 6.8: NMO corrected images assuming photoacoustic time of arrival geometry.
The PA waves generated in Trial 3 (c) and Trial 5 (e) are located at the correct depth
with hyperbolic arrival due to offset removed.
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Figure 6.9: NMO corrected images, using laser-ultrasound time of arrival assump-
tions. Hyperbolic time of arrival behavior was corrected. Trial 2 (b) clearly shows
the highest contrast, while Trial 4 (d) and Trial 5 (e) appear to show similar levels of
contrast. The scattered LU wave in Trial 3 (c) is not clearly distinguishable.
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Figure 6.10: Stacked traces after NMO correction using PA time of arrival assump-
tions. The arrival of PA waves in Trial 3 (c) and Trial 5 (e) are of high contrast, with
(c) exhibiting the highest signal-to-noise ratio. Each PA wave arrival is labeled with
an arrow.
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Figure 6.11: Stacked traces from NMO corrected images using LU time of arrival
assumptions. Trials 2 (b), 4 (d) and 5 (e) show clearly identifiable arrivals of LU
scattered waves, denoted by an arrow. Trial 3 (c), with an acoustically transparent
tube filled with dye, does not show a clear LU wave arrival.
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Trial 1 Trial 2 Trial 3 Trial 4 Trial 5
PA Contrast – – 8.3 – 2.2
LU Contrast – 3.1 – 1.7 1.8
Table 6.1: Comparison of contrast for stacked traces after NMO correction with
PA and LU time of arrival assumptions for each trial. Large values correspond to a
higher ratio of wave amplitude to noise at optimum semblance, and therefore stronger
contrast.
6.2.1 Analysis of Photoacoustic Contrast
Photoacoustic waves were generated in Trials 3 and 5, where the absorbing dye,
analogous to an absorber such as blood or lipids, is in the tubes. Analyzing the
semblance ratio of the stacked traces for these trials, Table 6.1, we can see that the
amplitude of the PA wave generated in the polyester tube was significantly higher
than the wave generated in the thicker acrylic tube. While a slight hyperechoic effect
was expected by generation of the PA wave in a stiff tube, the relative volume of
dye in each tube plays a stronger role in PA wave amplitude. The thin wall of the
polyester tube corresponded to a larger inner diameter than the acrylic tube, which
was a similar size, but had a smaller inner diameter due to a thick wall. This allowed
a greater volume of dye to reside within the polyester tube than within the acrylic
tube. Increased absorption, and a higher PA wave amplitude in Trial 3 than in Trial
5 resulted. As expected, neither the optically clear tubes, nor air generated a PA
wave (Trials 2 and 4).
The ability to differentiate the inner diameter and wall thickness of the tube was
beginning to be realized in Trial 5. The PA wave was clearly reflected by the backside
of the acrylic inner wall (wave 2 in Figure 6.12 (a)). The difference between waves
1 and 2, therefore, accurately represents the inner diameter of the tube. Wave 3
was a combination of the arrival of waves 3a-3c labeled in Figure 6.12 (b). In this
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Figure 6.12: (a) Stacked trace from Trial 5, with the acrylic tube filled with dye.
Waves arriving from reflections by various phantom- and dye-acrylic interfaces are
labeled, corresponding to the wave paths shown in diagram (b). The fine details of
the tube wall corresponding to waves 2-3 in (a) are currently unresolved, because
reflection paths 2 and 3a-3b in (b) superimposed due to similar time-of-arrivals and
a long source wavelength.
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experiment, the fine details of reflections by the tube wall were unresolved due to the
large wavelength of the LU wave. A similar, but less distinct reflection from the back
of the tube was seen in Trial 3, with the polyester tube. By decreasing the wavelength
and applying geophysical methods such as amplitude-versus-offset to the unstacked
data, we hypothesize that this information can be obtained.
6.2.2 Analysis of Laser-Ultrasound Contrast
Intuitively, it seemed that the acrylic tube should have scattered LU waves stronger
than the polyester tube, which is true for the tubes alone. However, the difference
between the acoustic impedance of air and the phantom was greater than the differ-
ence between the acrylic tube and the phantom. The greater volume capacity of the
polyester tube allowed more air to reside within the polyester tube than within the
thicker-walled acrylic tube. The additional air in Trial 2, therefore, lead to stronger
acoustic scattering than Trial 4. This effect is analogous to the increased absorption
and PA wave amplitude generated from a greater volume of dye in the polyester tube,
discussed in Section 6.2.1.
The acoustic properties of the infrared dye more closely resembled those of the
phantom than either air or acrylic (Table 5.1). In addition, the polyester tube was
essentially acoustically transparent. As we can see in both Figure 6.9(b) and Fig-
ure 6.11(b), any acoustic scattering from the polyester tube filled with dye was indis-
tinguishable. Trials 4 and 5, representative of a calcified artery, exhibited similar levels
of contrast due to the strong scattering properties of the acrylic tube. The acrylic
tube filled with dye, in fact, exhibited slightly stronger acoustic contrast. While the
phantom-acrylic interface was the same in Trials 4 and 5, and in general a direct
60
interface between the phantom and air (Trial 2) showed higher acoustic contrast than
the phantom-dye interface (Trial 3), the addition of the acrylic tube creates a more
complicated analysis. Additionally, the NMO corrections derived in Section 5.2.3 are
not exact for an unfocused source, therefore small variations in contrast, such as in
Trials 4 and 5, should not be considered quantitatively conclusive.
6.2.3 Comparison of PA and LU Resolution and Contrast
The stacked traces clearly show that while the contrast of the PA image was higher
than the LU image contrast, the resolution was higher for the LU image. The PA
waves had substantially lower frequency content (≈ 500 kHz) than the LU waves (≈
1 MHz). The theoretical PA frequency, based on the size of the absorbing structure,
is in good agreement with this result. The longitudinal dimension of the PA absorber
was about 1.5 mm for both tubes, which was the dimension that thermoelastically
expanded. This dimension, therefore, corresponded to half of the acoustic wavelength.
The theoretical frequency can be approximated νPA =
1390m/s
2∗1.5mm ≈ 463 kHz, which is
in good agreement with our experimental data. Smaller structures are expected to
generate higher frequencies, which we observed with the acrylic tube with a smaller
inner diameter (1.4 mm). The wavelength of the LU wave, in contrast, is estimated
λLU =
1390m/s
1MHz
≈ 1.4 mm. We expect structures on the order of 1/4 of the LU
wavelength to be resolvable in the LU image (≈ 350 µm).
The signal-to-noise, or contrast, of the PA image was greater than the LU image.
This difference was due to the relative absorption strength by water at the surface of
the phantom in comparison to absorption by dye in the tube, as well as the strong
attenuation of acoustic waves in the phantom. For a 1064 nm source, the absorption
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coefficient of our dye (≈ 20 cm−1) was larger than water (≈ 0.15 cm−1), which was the
primary contributor to absorption in our phantom. The energy of the source beam
was significantly attenuated before it reached the dye, yet assuming a factor of 4 of
optical energy was attenuated per centimeter (Beard, 2011), the absorption of dye
remains substantially larger than absorption by the phantom. Because the amplitude
of waves generated by the photoacoustic effect is absorption-based, the PA wave had
a higher amplitude. Additionally, the LU wave traveled a longer distance than the
PA wave, resulting in greater LU attenuation.
6.2.4 Limitations
• In this experiment, we use a long LU acoustic wavelength, which limits the
LU image resolution. This was done in order to provide a large beam for
illumination of the dye for PA wave generation. We expect increased resolution
for future experiments by reducing the source spot size, and thus reducing the
LU wavelength.
• We use a reflective tape to increase detection sensitivity. For this method to
be used on patients, a reflective medium would need to be used. Design of a
reflective medium that is transparent to the source wavelength, and possibly
sterile, could further improve the usability of this method.
• While we were able to detect acoustic impedances analogous to calcification for
a thickness of only 233.5 µm, the overall diameter of the tube is greater than 1
mm. Additional experiments are required to confirm the limitations of lateral
resolution.
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• We report only one image for each trial. For this method of imaging, the PA
and LU waves are detected in each of the 95 traces, where each trace is the
average of 64 traces. In addition, the stacking procedure implemented provides
another form of averaging to ensure the reliability of our results.
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CHAPTER 7:
CONCLUSIONS AND FUTURE WORK
7.1 Conclusions
In this work, a method for characterizing vascular structures was presented using
remote photoacoustic and laser-ultrasound imaging. Phantom experiments were con-
ducted with absorbers and scatterers embedded. These structures were presented
as proxies of healthy vessels and vascular structures corrupted by disease such as
atherosclerosis. Using geophysical image processing techniques, we have shown excep-
tional image resolution and the ability to comparatively analyze PA and LU contrast
with an external, noncontact, and nonionizing modality.
We conclude that increased acoustic impedance for a wall thickness less than 250
µm is detectable at depths exceeding 1 cm using external laser-ultrasound. Addition-
ally, the incorporation of an acoustic contrast agent, such as air, greatly improved
LU contrast for a thin-walled tube, representative of a healthy vessel, but did not
significantly improve contrast for a tube with stronger acoustic contrast, similar to a
calcified artery. Moreover, the amplitude of the photoacoustic wave did not signifi-
cantly increase when generated in a stiff tube in comparison to a thin tube, confirming
that differences in acoustic impedance are not readily detected through analysis of
photoacoustic wave generation, yet the extent of absorption can be determined from
PA waves. The propagation of a PA wave generated in a stiff tube, however, clearly
identified the inner diameter of the tube, and showed promise toward distinguishing
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the tube wall thickness. Furthermore, contrast relating to both spectroscopic and
mechanical properties are comparable using the objective methods described.
7.2 Summary of Contributions
Contributions in this research include:
• developing a method of obtaining both photoacoustic and laser-ultrasound im-
ages with a single source and multiple detector positions using noninvasive,
nonionizing optical methods;
• joint detection of optical absorbers (analogous to spectroscopically unique molecules
in atherosclerotic plaque) and acoustic scatterers (similar to vascular calcifica-
tions) at a depth of 18 mm. Structures on the order of 1.5 mm were imaged,
with sensitivity to increased acoustic impedance for a wall thickness of only
233.5 µm;
• implementation of geophysical image processing methods to remove interfering
direct waves (f-k filter) and remove increased time-of-arrival due to detector
offset (normal moveout correction);
• analysis of contrast among absorbers and scatterers through a stacking method
commonly used in seismology; and
• showing feasibility of using dual photoacoustic and laser-ultrasound imaging to
detect several characteristics of healthy and atherosclerotic vessels, including
small amounts of calcifications.
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7.3 Future Research
Future research will work toward improved resolution for imaging of smaller struc-
tures, particularly scatterers, by reducing the source wavelength. Geophysical tech-
niques, such as amplitude-versus-offset analysis, will be implemented to obtain physi-
cal properties and fine details from the image data. Through careful analysis of wave
characteristics, we expect to develop the ability to make quantitative conclusions
about wall thickness and acoustic impedance of diseased vessels. Further improve-
ments will involve collapsing the waves detected at multiple surface locations to reflect
the actual size of the embedded structures.
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